Introduction
The significant growth of optoacoustic imaging in recent years has created unique requirements for ultrasound detection in terms of sensitivity, bandwidth, and size [1] [2] [3] [4] [5] . Miniaturized optical resonators would be well suited for clinical endoscopic and intravascular optoacoustic systems, majorly outperforming piezoelectric detectors of similar size [6] [7] [8] [9] [10] [11] [12] [13] . In order to achieve high detection sensitivity, it is often required that high-finesse resonators be used in conjugation with narrow-linewidth continuouswave (CW) lasers [14] [15] [16] [17] [18] . Typically, the laser is tuned to the resonator's wavelength, and the output power of the resonator is monitored. Rapid mechanical vibrations of the resonator lead to a shift in its resonance, which is detected by the change in the monitored signal. Conventionally, the sensitivity of such systems may be increased by reducing the spectral width of the resonance. However, sensitivity is inherently limited by the frequency noise of the laser [17] , which becomes significant in ultrasound detection, where bandwidths are in the megahertz regime [19] . Although resonators with spectral widths as low as 16 MHz are already achievable [20] , the benefit of such high Q-factors for sensitive ultrasound detection may be realized only with the use of CW lasers with linewidths in the sub-kilohertz regime.
When clinical applications are considered, the main drawback of narrow-linewidth CW interrogation is its susceptibility to environmental conditions. When the shifts in the resonance wavelength are greater than the resonance spectral width, they cannot be accurately measured. This scenario represents the upper limit of the sensor's dynamic range: the saturation level. This drawback may be mitigated by the use of the Pound-Drever-Hall (PDH) technique, whereby the laser is frequency-locked to track the resonance's wavelength [16] [17] . Despite the increase in dynamic range offered by the PDH technique, it is inherently limited by the laser's tuning range and rate as well as by the electrical characteristics of the feedback circuit used to tune the laser's wavelength. While reducing the bandwidth of the optical resonator leads to enhancement in the detected ultrasound signal and potentially higher sensitivity, it also enhances the effect of external disturbances and thus necessitates increasing the performance of the feedback scheme.
Thus, the use of the PDH technique in conjugation with very narrow optical resonances may be impractical in the case of extremely volatile environmental conditions. Although more robust performance may be achieved by interferometric schemes based on wideband sources, it generally comes at the price of reduced sensitivity owing to the lower coherence level achieved by such sources [19] .
The need for high robustness and sensitivity is especially important in the case of intravascular imaging.
First, the intravascular-imaging scenario involves volatile environmental conditions caused by the mechanical scan of the catheter as well as by the rapid variation in pressure within the blood vessel.
Additionally, the only resonator type currently compatible with the intravascular geometry is π-phaseshifted FBG (π-FBG) written in a silica fiber [10] . The main challenge in using silica fibers for ultrasound detection stems from their large acoustic impedance mismatch to water, which leads to significant attenuation of the ultrasound signal detected by the fiber. As a result, the response of silica fibers to ultrasound is only 8% of the response achieved for polymer fiber [21] , for which no equivalent resonator technology has so far been developed.
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In this paper, we introduce coherence-restored pulse interferometry (CRPI) -a new paradigm for interferometric detection of ultrasound which may achieve both the fundamental shot-noise detection limit and high robustness. In contrast to narrow-linewidth CW interrogation, in which both sensitivity and robustness are ultimately determined by the laser characteristics, performance in CRPI is governed by the tradeoffs in the optical design and is largely decoupled from laser performance. CRPI thus offers a new framework for sensor interrogation that is also inherently different from previously published wide-band interrogation techniques [19] , in which sensitivity was also limited by the coherence level of the interrogation laser.
The robust performance of CRPI is demonstrated in two experiments. In the first experiment, ultrasound detection is demonstrated in highly turbulent water, in which the low-frequency signal generated by the external disturbance is almost three orders of magnitude larger than the high-frequency ultrasound signal.
In the second experiment, CRPI is used with a π-FBG in reflection to construct an all-optical optoacoustic imaging catheter. The catheter is demonstrated for imaging a stented blood vessel ex vivo at a high frame rate of over 3 frames per second, which is compatible with clinical standards [22] . The high frame rate is enabled by the high sensitivity of the π-FBG sensor, which is over an order of magnitude higher than that of conventional 15 MHz intravascular-ultrasound (IVUS) probes. In both experiments, reliable detection of ultrasound is demonstrated. The results showcase the potential of CRPI for ultrasound measurement in challenging clinical applications such as intravascular imaging [22] and ablation monitoring [23] .
2.
Resonance interrogation using CRPI
Experimental setup 6
The CRPI experimental setups used in this work are shown in with a free spectral range (FSR) of 25 MHz, formed by two FBGs with a reflection of R=96% and bandgap width of 1 nm. Using a fiber stretcher, the FPI was frequency-locked on the comb structure of the pulse laser, rejecting ASE in the spectral range between the comb lines. The π-FBG's output was led to a demodulator which tracked its spectral shifts using either an active [24] or passive [25] demodulation scheme. The latter configuration enabled tracking any variation in the π-FBG's resonance as long as the resonance was within the illumination band.
In the case of active demodulation, an unbalanced fiber-based Mach-Zehnder interferometer (MZI) was used that was stabilized by a fiber stretcher and a wideband feedback circuit [26] . The optical path difference (OPD) of the MZI was approximately 17 cm, which was estimated based on measurement's visibility similarly to the procedure performed in Ref. 18 . The locking mechanism in the interferometer compensated for the effects of temperature variation, air flow, and low-frequency mechanical vibrations on the state of the MZI. The perturbations to the MZI state due to ultrasound-induced resonance shifts
were not compensated for because their frequency content was beyond the bandwidth of the stabilization circuit. Instead, the rapid ultrasound induced shifts were recorded as a voltage signal at the output of the 7 MZI. The measured ultrasound signals were corrected by the frequency response of the balanced amplifier which dropped to 50% of its maximum value at 8 MHz and to 23% at 20 MHz.
Passive demodulation was performed by using an MZI in which the second fiber coupler was a 3×3
coupler, and three photodetectors were used at the MZI's output. The OPD in the interferometer was approximately 12 cm. The phase of the interferometer, and sequentially the resonance shift, was calculated from the three outputs via an optimization algorithm described in the Supporting Information.
The photodiodes used in the interferometer's output had a bandwidth of 5 GHz and maximum response of 47.5V/W for a 50 Ω termination, corresponding to maximum voltage magnitudes of only a few millivolts for the optical power levels used in the system. The sampling system (National Instruments, Austin, TX, USA) had a voltage resolution of 12 µV. Although this voltage resolution was sufficient to accurately determine the phase of the interferometer, it was higher than the optical noise level in the system. To achieve the full sensitivity of the system, 63 dB voltage amplifiers (model AU1291, MITEQ, Long Island, NY, USA) were employed, which had a uniform frequency response in the frequency range 1 kHz -500
MHz. In order to measure the response at lower frequencies rejected by the amplifiers, each photodiode output was split into two components: one measured directly and one measured with the amplifier. The unamplified signals were used to find the interferometer phase, and consequently the resonance drift generated by the environmental conditions, whereas the amplified signals were used to calculate the resonance drift created by the ultrasound waves. We note that this procedure was necessary only because of the relatively low optical powers used in the experiment and the built-in high-pass filter in the amplifier used.
Optical noise 8
The design shown in Fig. 1 is based on minimizing the optical noise by the use of the BPFs and CRF, which reject the ASE that accompanies the pulses. Fig. 2a shows the simulated effect of one and two
CRFs on the noise spectral density (NSD) of the demodulator readout in the presence of ASE in the source. The use of the CRFs modified the otherwise uniform NSD, so that it followed the spectral shape of the FPI, namely, the noise was concentrated mostly in spectral bands around integer multiples of the interferometer's FSR and the maximum noise attenuation was equal to the lowest amplitude transmission of the FPI:
We note that the operation of the CRF is inherently different from the two optical BPFs employed at the system's input. First, the CRF is designed to match the comb structure of the pulse laser, and thus constitutes a noise-rejection scheme unique to CRPI. Second, when converted to voltage signals, the noise components not rejected by the CRF exhibit a frequency behavior similar to the spectral behavior of the FPI. Third, unlike the BPFs, the effect of the CRFs may be made cumulative, and thus employing several CRFs may effectively eliminate ASE as a decisive factor in the signal-to-noise ratio (SNR) of the sensor in the frequency band of interest. This property is a result of the selective-frequency filtering of the CRI, in which only noise at specific frequencies is not filtered. In contrast, in the case of the BPF, the nonfiltered noise covers the entire acoustic frequency band. Therefore, the lion share of the optical noise transmitted by the BPF may not be reduced by the addition of a consecutive BPF.
To measure the NSD of the system with a spectrum analyzer, active demodulation was used as it generates a signal proportional to the measurand. The NSD was measured for a π-FBG with a resonance notch of approximately 700 MHz full-width-at-half-maximum (FWHM), which corresponds to a visibility of 0.42, with 4 source options: ASE source, pulse laser, pulse laser with a CRF, and without a source (photodiode dark current). In the first three cases, the source's output was adjusted to maintain a power of 180µW at the -FBG output. Figure 2b shows the four NSDs with units corresponding to the spectral shift in the resonance's frequency. As expected, the CRF led to a significant reduction in the noise level in the frequency band between the FPI notches. The maximum attenuation in NSD was 25 dB and was attained at 10 MHz, whereas the theoretical prediction was 34 dB. This discrepancy is a result of the relatively low light levels, which made the effect of shot noise significant -an effect ignored in our simulations. The maximum signal transmission in the implementation of the CRF was 75%, corresponding to a mere 1.2 dB reduction in SNR for shot-noise limited detection.
To characterize the performance of the CRPI in ultrasound detection, it was tested using active demodulation in a placid environment. The π-FBG was placed in water in front of a cylindrically focused PZT transducer that generated 2-12 MHz ultrasound bursts at a 2 kHz repetition rate, as shown in Figure   3a . Figure 3b shows the measured spectral shift created by ultrasound bursts with 3 source settings: ASE source, pulse laser, and pulse laser with CRF, where in all cases, the power at the output of the -FBG output was kept at 180µW. For the case of CRPI, the optical noise level over the frequency range [4] [5] [6] [7] [8] [9] [10] [11] [12] [13] [14] [15] [16] [17] [18] [19] [20] MHz was equivalent to a resonance shift of 160 kHz, which is comparable to the noise level achieved in CW interferometry with a laser linewidth of 4 kHz [19] . In comparison, conventional CW-interrogation techniques employ lasers with linewidths in the range of 100 kHz -1 MHz [10, 12, 16, 17] , leading to considerably higher optical noise level than the one reported here. In a second measurement, the signalto-noise (SNR) of the detected signals was assessed for several optical powers for the 2 latter sources. The SNR was calculated by first band-pass filtering the signals in the window 4-20 MHz and dividing the peak-to-peak value of the signal by the standard deviation of the signals at the time preceding the ultrasound burst arrival. Figure 3c shows the measured SNRs on a log-log scale to assess its polynomial dependency on the power level at the output of the detector. The results are compared to the SNR limit imposed by the photodiode's noise, obtained by dividing the signal by the photodiode's dark-current noise. Linear regression was performed for the three measurements with the higher power setting, revealing a square-root dependency, expected for shot-noise. The SNR at the lowest power setting was lower than the shot-noise expectation owing to the dominance of photodiode noise.
Application

Ultrasound detection in turbulent water
To showcase the compatibility of CRPI with extreme environmental conditions, it was demonstrated for the detection of ultrasound in the presence of turbulence, created by a water pump ( Fig. 4a and Supplementary Video 1). The ultrasound signals were generated by the same cylindrically focused piezoelectric used in Section 2.2, which was focused to the π-FBG sensor. The large, rapid resonance shifts generated by the water flow necessitated the use of passive demodulation for interrogating the sensor, whereas active demodulation could not be used in this case owing to the limited magnitude and bandwidth of the locking mechanism. The optical power at the output of the π-FBG was approximately 180 µW. Figure 4b shows the resonance frequency shift over time, whereas the inset shows a typical ultrasound burst measured under these conditions. The maximum detected resonance shift due to water flow was 34 GHz -almost three orders of magnitude larger than the typical detected acoustic signal in the experiment. In comparison, active stabilization using the PDH technique has so far been demonstrated with saturation levels of approximately 400 MHz 16 . Similarly to the case of active demodulation, the noise level over the frequency range 4-20 MHz was approximately equal to a resonance shift of 160 kHz.
The corresponding dynamic range for that detection bandwidth was thus 106.5 dB.
All-optical optoacoustic imaging catheter
In the final measurement, CRPI was to used enable an all-optical optoacoustic imaging catheter. The measurement configuration chosen was reflection mode with active demodulation. The catheter consisted of a fiber with a π-FBG written close to its tip and an additional illuminating fiber, housed in a doublelumen tube with a diameter of approximately 1 mm, as shown in Fig. 5a . The two fibers were aligned to allow an overlap between the optoacoustic detection and excitation fields. Only the illuminating fiber was rotated, whereas the π-FBG recorded the generated acoustic signals for each illumination angle. The illuminating fiber was multimode with a core size of 200 µm and numerical aperture of 0.22, corresponding to an angular resolution of approximately 13º in water. The laser used for illumination (Flare HP PQ Green 2k-500, Innolight GmbH, Hannover, Germany) generated optical pulses at a wavelength of 515 nm and repetition rate of approximately 1.4 kHz, which were coupled to a rotary joint connected to the illumination fiber. The illumination power was set to 15 mW at the fiber tip, comparable to the power levels employed in other optical intravascular imaging modalities [22] .
The π-FBG used in the measurement was written at approximately 1 cm away from the fiber tip and had a resonance width of 170 MHz, corresponding to a visibility of 0.81. The sensitivity of the π-FBG ultrasound detector was measured by comparing its response to a wideband ultrasound wave, generated using the technique in Ref. [27] , with that of a calibrated 0.5 mm needle hydrophone (Precision Acoustics, Dorchester, Dorset, UK). The sensitivity-characterization measurement was repeated for a 15
MHz IVUS probe (Boston Scientific, Boston, MA, USA) with a diameter of 1.2 mm. The average conversion of pressure to fractional wavelength shift over the 16 MHz bandwidth was measured to be 
whereas the noise equivalent pressure of the π-FBG over this bandwidth was found to be 100 Pa. In comparison, the noise equivalent pressure of the IVUS probe was approximately 1.8 kPa over a 16 MHz bandwidth around the resonance frequency. We note that the value given in Eq. 1 is in general agreement with previous theoretical and experimental results obtained in silica for stationary pressure [28] and over an order of magnitude lower than the value measured for polymer microrings [29] .
The catheter was used to image a healthy stented artery ex vivo, which is shown in Fig. 5b . Manual translation of the blood vessel was used to image several cross sections. The rotation speed was 200 revolutions per minute, in accordance with clinical standards of intravascular ultrasound [22] . The fiber was rotated continuously in the measurement to simulate the catheter vibrations that would occur in an in vivo imaging scenario. Nonetheless, imaging was performed only for a single rotation, and did not involve averaging data obtained in several rotations. The operation of the catheter is shown in Supplementary Video 2. Clearly, the high rotation speed, which was 2 orders of magnitude higher than the one used in conventional intravascular optoacoustic imaging [22, 30] , led to significant vibrations in the catheter.
Nonetheless, stable operation of the system was maintained for tens of minutes, and when lost could be retained in less than 1 second by resetting the feedback circuits when they reached saturation. The blood vessel was also imaged using an extra-vascular optoacoustic system, whose technical details are given in the Supplementary Information. A side view of the stented blood vessel acquired by the extra-vascular optoacoustic system is shown in Fig. 5c . Two typical cross-sections obtained by the intra-and extravascular systems are shown in in Figs. 5d and 5e. Figure 5f shows all the cross sections obtained with the intravascular system. For both systems, the contrast in the images was a generated by either the stent or clotted blood.
Conclusions
Optical interferometry holds great potential for the miniaturization of ultrasound detectors, and may enable new applications in challenging clinical fields such as minimally invasive imaging. One of the major hurdles to the clinical use of optical detectors of ultrasound has been the lack of an interrogation scheme that can achieve both high sensitivity and high robustness to mechanical disturbances. In the conventional interrogation scheme used in ultrasound detectors, which is based on narrow-linewidth lasers, both sensitivity and robustness are ultimately limited by laser performance. Namely, sensitivity is generally limited by the laser linewidth, whereas robustness is limited by the laser tunability rate.
In this work we introduced CRPI -a new paradigm for optical detection of ultrasound which combines low optical noise with high robustness. In contrast to narrow-linewidth interrogation, in CRPI sensitivity and robustness are generally uncoupled from laser performance, and are mostly determined by performance parameters of other optical components in the system. CRPI is based on the use of a pulse laser in conjugation with a unique filtering scheme and appropriate demodulation technique. The use of wideband optical pulses for sensor interrogation makes the need for laser tunability redundant, as previously demonstrated in Ref. [19] . However, the scheme used in Ref. [19] lacked an efficient mechanism to significantly increase sensitivity, and was characterized by a noise level similar to those achieved by conventional narrow-linewidth interrogation schemes. The introduction of the CRF in this work enabled over an order of magnitude reduction in the optical noise, leading to shot-noise limited detection.
CRPI was demonstrated with both active and passive demodulation schemes. In the case of active demodulation, an unbalanced MZI was used, which was locked to the resonator's wavelength using a fiber stretcher and a wideband feedback circuit. In the case of passive demodulation, an MZI interferometer with 3 outputs was used in which no locking was required. The advantage of passive demodulation is its extreme robustness. Specifically, passive demodulation is robust to any disturbance to the sensor that did not push its resonance outside the wavelength coverage of the filters used. In contrast, active demodulation is mainly limited by the performance of the locking mechanism. Nonetheless, active demodulation is considerably simpler to implement and involves only a single electric output, whereas passive demodulation in this work required post-processing the data from 6 outputs. In the case of moderate mechanical perturbations, or when extreme disturbances are rare, actively demodulation may be used. Both demodulation techniques demonstrated similar sensitivity, limited by shot noise.
CRPI was demonstrated with a π-FBG for two challenging ultrasound-sensing scenarios. In the first, ultrasound detection was demonstrated in turbulent water using the passive-demodulation scheme.
Although the signal generated by the water turbulence was over 2 orders of magnitude larger than the ultrasound signal, it did not hinder the detector's performance. The dynamic range in the measurement was 106.5 dB over a bandwidth of 16 MHz. Such a high dynamic range may enable the use of optical detectors of ultrasound in applications such as optoacoustic monitoring of tissue ablation [23] , which involves substantial variations in both pressure and temperature. In comparison, narrow-linewidth interrogation has been demonstrated with considerably more modest dynamic ranges [17] . When extrapolating the technical data provided in Ref. 16 to the ultrasound regime and only considering the laser's frequency noise, the dynamic range over the same bandwidth is merely 35 dB.
In the second ultrasound-sensing scenario, the π-FBG was used as part of an all-optical optoacoustic imaging catheter, for which active demodulation was used with reflection-mode sensing. The acoustic sensitivity of the π-FBG was over an order of magnitude higher than conventional 15 MHz IVUS transducers, thus enabling imaging at higher frame rates than those used for IVUS-based optoacoustic catheters [22, 30] . We note that this high sensitivity was obtained despite the low conversion efficiency of pressure to wavelength shift of silica fibers, which is over an order of magnitude lower than in polymerbased waveguides [21, 29] . To simulate a realistic clinical imaging scenario, the catheter was operated at an imaging rate of 200 fps, leading to substantial vibrations in the π-FBG. The catheter was used for an intravascular measurement of a stented blood vessel, revealing the stent structure and clotted blood.
Similar contrast was found when the blood vessel was imaged by a whole-body small-animal imaging system. Throughout the intravascular measurement, the active demodulation scheme demonstrated reliable performance in ultrasound detection.
CRPI goes beyond the performance obtained in this work and defines a clear path for ultra-sensitive ultrarobust optical detectors of ultrasound as a viable alternative to conventional piezoelectric technology.
Namely, by preserving shot-noise limited detection through the use of CRFs and high-power optical amplifiers, sensitivity may be increased by merely increasing the power levels employed, reducing losses by using tighter bandpass filters, or reducing the resonance width of the optical sensing element. Active stabilization techniques may be further improved to compensate for external disturbances, or, in the case of extremely volatile environmental conditions, passive techniques may be used. Improved sensitivity and robustness are of particular interest to the field of optoacoustic imaging, where they may enable challenging clinical applications which are currently limited by the size and performance level of piezoelectric detectors.
Supplementary information
Phase extraction algorithm for passive demodulation
The outputs of the three photodetectors may be modeled by the following equations [25] : In the extra-vascular optoacoustic imaging system, illumination and ultrasound detection were performed from the outside of the blood vessel. The optoacoustic system was based on the design described in Ref. [29] , which enables high resolution three-dimensional imaging of specimens with diameters up to 1 cm.
The optoacoustic excitation was performed by optical pulses with a duration <10 ns, repetition rate of 10 Hz, and wavelength of 700 nm, generated by tunable OPO laser (Phocus II, Opotek Inc., Carlsbad, CA).
Ultrasound detection was performed with a 128-element ultrasonic transducer array (LA-28.0, Vermon, Tour, France) with a central frequency of 24MHz and a 6 dB bandwidth of 60%. The stented blood vessel was embedded in a transparent agar phantom, which consisted of 1.3% (by weight) of agar powder (SIGMA-ALDRICH, St. Louis, MO) and 98.7% water, which was placed in a water tank. To enable an approximately uniform illumination of the blood vessel, a fiber bundle (CeramOptec GmbH, Bonn, Germany) with four outputs was used to guide the illumination from the laser to the phantom, where each fiber output illuminated the phantom from a different angle. To obtain a tomographic view of the phantom, the ultrasound transducer array was scanned over a polygonal path surrounding the phantom, as performed in Ref. 26 . The image acquisition duration was approximately 15 minutes. Active demodulation is performed via a Mach-Zehnder interferometer stabilized to quadrature using a wideband feedback circuit [26] , whereas passive demodulation is performed by using an interferometer with a 3x3 fiber coupler and a phase-extraction algorithm. Spectral inversion in reflection mode is performed by destructively interfering the reflection from the π-FBG with that of a mirror based on the principles outlined in Ref. [19] . Fig. 1 with a varying number of (CRFs) with the same parameters as those used in the experiment. The output of the laser was simulated by perfectly coherent pulses with additive white Gaussian noise, and the NSD was normalized by the level obtained when the CRFs were not used. When a single CRF was simulated, the NSD followed that of the CRF, suppressing noise in the frequency band between integer multiples of the CRF's pitch. Two CRFs were simulated assuming an insolator is used between them, i.e. that the total transmission function is a square of the transmission function of a single CRF. Consequentially, the noise rejection in the double-CRF configuration is doubled. (b) Measured NSD of the resonance shift (in Hz) for four source options: amplified spontaneous emission (ASE) source, pulse laser, pulse laser with a single CRF filter, and with no source (photodiode dark current). As predicted by the numerical simulations, significant noise reduction was obtained when the CRF is used. A typical cross section of the stented blood vessel obtained using (d) the intra-and (e) extra-vascular imaging systems. In the intravascular image, signal generated by optical absorption at the tip of the
